We investigated safety issues and potential experimental confounds when performing functional magnetic resonance imaging (fMRI) investigations in human subjects with fully implanted, active, deep brain stimulation (DBS) systems. Measurements of temperature and induced voltage were performed in an in vitro arrangement simulating bilateral DBS during magnetic resonance imaging (MRI) using head transmit coils in both 1.5 and 3.0T MRI systems. For MRI sequences typical of an fMRI study with coil-averaged specific absorption rates (SARs) less than 0.4 W/Kg, no MRI-induced temperature change greater than the measurement sensitivity (0.1ºC) was detected at 1.5T, and at 3T temperature elevations were less than 0.5ºC, i.e. within safe limits. For the purposes of demonstration, MRI pulse sequences with SARs of 1.45 W/Kg and 2.34 W/kg (at 1.5T and 3T respectively) were prescribed and elicited temperature increases (>1ºC) greater than those considered safe for human subjects. Temperature increases were independent of the presence or absence of active stimulator pulsing. At both field strengths during echo planar MRI the perturbations of DBS equipment performance were sufficiently slight, and temperature increases sufficiently low to suggest that thermal or electromagnetically mediated experimental confounds to fMRI with DBS are unlikely. We conclude that fMRI studies performed in subjects with subcutaneously implanted DBS units can be both safe and free from DBS-specific experimental confounds. Furthermore, fMRI in subjects with fully-implanted rather than externalised DBS stimulator units may offer a significant safety advantage. Further studies are required to determine the safety of MRI with DBS for other MRI systems, transmit-coil configurations and DBS arrangements.
Introduction

Deep brain stimulation (DBS) effected using implantable neurostimulation systems has
become an important symptomatic therapy in movement disorders such as Parkinson's disease (Limousin 1995 , Volkmann 1998 , DBS PD study group 2001) . The technique typically involves high-frequency electrical stimulation of the subthalamic nucleus using surgically implanted electrodes connected via subcutaneous extension leads to an implantable pulse generator (IPG) commonly located subcutaneously in the pectoral area.
Despite its success, the precise neurophysiological mechanisms underlying the efficacy of DBS therapy remain a subject of debate (Dostrovsky 2002 , McIntyre 2004 , Goerendt 2006 . Functional brain imaging performed concurrently with DBS may help to clarify these issues and furthermore the potential of DBS to selectively and reversibly modulate basal gangliathalamocortical circuits during imaging studies offers a unique investigative opportunity (Georgi 2004 , Hesselmann 2004 , Jech 2001 , Stefurak 2003 . Since the first functional imaging investigation of DBS using positron emission tomography (PET) (Limousin 1997) numerous PET and single photon emission computed tomography (SPECT) studies have been reported (e.g. Fukuda 2001 , Grafton 2006 , Hilker 2004 , Pinto 2004 , Schroeder 2003 , Thobois 2002 .
In contrast to the popularity of PET/SPECT studies, to date functional magnetic resonance imaging (fMRI) studies performed with active DBS have been limited in number and particularly in the numbers of subjects studied (Rezai 1999 , Jech 2001 , Stefurak 2003 , Hesselmann 2004 , Arantes 2006 , Phillips 2006 . This is despite the potential advantages of fMRI as compared to PET (wider availability, improved spatial and temporal resolution, and absence of radioactive pharmaceuticals) and is largely a consequence of concerns regarding the safety of both MRI in the presence of metallic implants , and the possible effects of the MRI scanner electromagnetic fields upon IPG function. Thus far, fMRI of DBS has been limited to subjects with externalised IPGs, allowing the IPG to be located remotely from the MRI scanner, and only one recent study (Phillips 2006) has been performed at a magnetic field strength greater than 1.5T.
Studies with externalised IPGs are usually performed within a short time of the electrode implantation procedure, before the IPG and electrode extension leads are sited subcutaneously. There are a number of potential advantages in the context of imaging neuroscience to scanning subjects with fully implanted, rather than externalised, IPGs: the acute effects of the surgery may be separated from those of chronic stimulation, the population from which suitable volunteer subjects may be recruited is larger, subjects may be selected for whom the efficacy of DBS therapy has been established and well characterized, and finally, longitudina l studies to monitor the long term effects of DBS are possible.
The predominant safety concern with MRI in DBS patients is a potential rapid and harmful increase in tissue temperature close to the electrode tips due to focusing of the scanner radiofrequency (RF) field (Pictet et al, 2002 , Rezai 2002 . Indeed severe patient injuries have been reported when safe operating procedures have not been correctly followed (Speigel 2003 , Utti 2002 . Additionally, voltages induced in the DBS circuit during MRI may, if of sufficient magnitude, cause direct injury or uncontrolled neural stimulation.
Despite these concerns it is generally accepted that clinical MRI examinations of patients with inactive implanted DBS systems are safe, provided safety guidelines are observed (e.g. low RF specific absorption rate (SAR) pulse sequences at 1.5T only, a head transmit/receive coil, and the IPG output set to off and 0V (Shellock 2005 ). Both active DBS during fMRI, and fMRI performed at 3T with the goal of exploiting the increased sensitivity available contravene these guidelines and so additional system-specific safety testing is required.
Assuming safety can be established, any experimental complications arising from DBS during fMRI must be addressed. Firstly, for active DBS, the effect of the MRI electromagnetic fields upon IPG function and hence accurate stimulus delivery is a concern. An altered or interrupted stimulus delivery could confound an fMRI study, cause discomfort to the subject and potentially damage to the IPG. Secondly, with regard to heating; any externally induced increases in tissue temperature, even if safe (i.e. too low to cause tissue damage), may still compro mise fMRI studies since elevated cerebral temperature may cause local CBF to increase independently of functional activation as part of the physiological thermoregulatory response (Salcman 1989 , Collins 2004 . Changes in regional cerebral metabolism associated with temperature elevations might also be sufficient to perturb the efficacy of DBS itself. In addition to such physiological changes, induced temperature deviations may cause direct alterations in image intensity due to the thermal dependence of the magnetic resonance properties of tissue. As a consequence of these factors, if the degree of heating is dependant on the presence or otherwise of active stimulation, such intensity changes may cause artefactual activation patterns when comparing the "on" versus "off" DBS conditions.
The purpose of the present study was to investigate safety and potential confounds when performing fMRI in subjects with fully implanted DBS systems at both 1.5Tand 3T, a field strength for which the safety of DBS has, to date, been less well established. We were particularly concerned with establishing the implications of active delivery of stimulation 5 pulses during fMRI. Measurements were performed using a tissue-simulating test object comparing temperature and induced voltage measurements under the contrasting conditions of "stimulator on" versus "stimulator off".
Methods
Experimental arrangement
Following the method of Rezai at al. (Rezai 2002) , a phantom was formed from poly-methylmethacrylate ("Perspex"), (Lucite International, Southampton, UK) with shape and dimensions approximating those of an adult human torso (figure 1). Throughout this work left hand side (LHS) and right hand side (RHS) denote orientations in the standard radiological convention, i.e. relative to a patient (simulated by our test object) lying head-first supine in the scanner. The phantom was filled to a depth of 10 cm with a semi-liquid gel formed from distilled water, poly-acrylic acid partial sodium salt (Aldrich Chemical) and sodium chloride (8g/litre and 0.70 g/litre respectively) with electrical and thermal characteristics similar to those of human tissue (Park 2003) .
A Kinetra 7428 (Medtronic Inc., Minneapolis, MN, USA) IPG was positioned to simulate surgical implantation in the subclavicular region, such that its outer casing was in electrical contact with the gel (figure 1). Two quadrupolar electrode leads (Medtronic model 3389) were positioned in a configuration similar to that required for bilateral STN stimulation and connected to the IPG using two Medtronic model 7482 extension leads (both of length 51cm).
For both MRI systems tested, the phantom was positioned in the centre of the magnet bore such that the tips of the electrodes were at the magnet isocentre (i.e. using the tips of the electrodes as a landmark), closely resembling the position of a patient-implanted DBS system relative to the MRI scanner static, RF and gradient magnetic fields. Relative to the simulated patient head, the image slice orientations were axial for the gradient-echo EPI and FSE sequences, and coronal for the 3D IR-SPGR volume acquisition.
For all measurements at both field strengths, the patient-weight, needed by the scanner software to calculate estimated SAR values, was entered as 50kg and the default manufacturer-provided RF pulse-shapes and durations for the specified pulse-sequences and software-levels were employed.
IPG Settings
The Medtronic Kinetra IPG system is designed to provide flexibility in the selection of stimulus parameters for DBS: stimulation may be unipolar, with the IPG case acting as an anode and the current return path via the body, or bipolar, with adjacent electrode contacts acting as respective cathode and anode. The frequency, pulse width and pulse amplitude are programmable, allowing patient-specific settings, tailored to provide maximum therapeutic benefit whilst minimizing negative side-effects (Volkmann 2002 , Kuncel 2004 ). Due to the practical constraints of time, from the numerous permutations of possible stimulus parameters, we chose to employ a representative configuration typical of that employed in PD therapy i.e. unipolar stimulation with pulse width 60µs, frequency 130Hz, and amplitude 3V (Ashkan 2004) .
Each lead provides 4 electrode contact points each of 1.5mm in length arranged linearly, separated by 0.5 mm and starting 1.5mm from the distal electrode end. Stimulation pulses as detailed above were applied to the most distal electrode contacts for both the left-hand side (LHS) and right-hand side (RHS) lead (labelled electrode contacts 4 and 0 in our arrangement (figure 1)). Four stimulation regimes were investigated: 1) bilateral stimulation (electrode contacts 0 = 3V and 4 = 3V), 2) unilateral stimulation via the RHS electrode (i.e. electrode contact 0 = 3V, contact 4 = 0V), 3) IPG set to "off", 4) IPG set to "off" and the balanced probe disconnected. Experiments 1-3 assessed the safety of MRI with the stimulator in the different modes of operation. Experiment 4 tested the degree to which the interaction of the DBS system with the MRI electromagnetic fields was perturbed by the presence of the voltage probes. Prior to and following MR scanning the DBS system was tested for normal operation outside the MRI scanner room using the inbuilt telemetry facility.
Voltage measurement
For experiments 1-3, a balanced coaxial probe was employed (Smith DC, 1993 , Lemieux 1997 In order to assess the contribution of signals induced in the test-leads to the total voltages detected, a "null" measurement was performed in which the ends of the balanced probes were connected directly together while leaving both connected to the IPG case.
Temperature measurement
Temperature data were obtained simultaneously from 4 positions using an MRI-compatible fluoroptic thermometer (Model 3100, Luxtron Corporation, Santa Clara, CA, USA; accuracy ±0.1ºC). Temperature was recorded every 2-3s from sensors sited at electrode contacts 0 and 4, the IPG case, and from a reference point at the centre of the phantom 'head' remote from the electrode contacts. The contacts at the ends of the electrode leads were presumed the site of maximal temperature change (Pictet et al, 2002 , Achenbach 1997 . Temperature changes relative to the pre-scan baseline value are reported, the baseline value being the mean of 10 measurements obtained immediately prior to the pre-scan acquisition for each image set.
1.5T imaging
Data were acquired using a 1.5T GE Signa Horizon LX MRI system (software level 9.1) (GE Healthcare Technologies, Waukesha, Wisconsin, USA) with the standard transmit/receive birdcage head coil and a standard whole-body gradient set with maximum gradient strength 23mT/m and slew rate 120T/m/s. Four MRI sequences were investigated: a high-SAR fast spin-echo (FSE) sequence, a 3-plane gradient-echo localiser, a T1-weighted structural volume acquisition (3D IR-prepared spoilt gradient echo (IR-SPGR)) and a gradient-echo echo-planar imaging (EPI) time series. The latter three acquisitions were representative of those commonly used in fMRI studies; the FSE sequence was used to generate heating sufficient to allow accurate comparison of the effects of the stimulator settings (experiments 1-3 above) upon temperature elevation. Sequence details are given in table 1.
3T imaging
Measurements were performed on a General Electric 3T Excite MRI system (software level 12_M4) again using the manufacturer's transmit/receive birdcage head coil and in this case a head gradient coil set (maximum gradient strength 50mT/m; slew rate 150T/m/s). Four imaging sequences (table 1) similar to those employed at 1.5T were investigated.
Results
Temperature
Typical temperatures at the reference position within the gel positioned in the magnet bore at the start of an experiment were between 15-17ºC. Temperature changes are summarised in table 1. At 1.5T no temperature rise was detected for the 3 plane-localiser, structural, or EPI sequences. For the FSE sequence the maximum temperature increase (∆T) measured was 1.4ºC at the tip of the LHS electrode (contact 4). At 3T there was a measurable ∆T for all the 8 sequences with a maximum again at the tip of the LHS electrode (contact 4) of 0.5ºC for the structural sequence, 0.4ºC for the localiser and 0.2ºC for EPI.
At the electrode contacts, the differences in maximum temperature change between the different stimulator conditions lay within the measurement sensitivity (compare background temperature fluctuations seen at the reference position to differences at the electrode contacts in figure 2 ) and so no formal statistical tests were performed. Figure 2 shows the ∆T from baseline during the FSE sequence for the 1.5T (a-d) and 3T
systems (e-h). For each scanner the temperature obtained at each measurement position is plotted for each of experiments 1-4. In figures 2a, 2b, 2e & 2f the temperature at the electrode contacts is shown. The ∆T were independent of the stimulator settings (experiments 1-3) and furthermore, when the equipment used to monitor the IPG output was disconnected (experiment 3), ∆T was not affected. At both field strengths ∆T at the LHS electrode was more than 4 times that for the RHS electrode (figs. 2a, 2e; 2b, 2f). In order to eliminate the possibility of this asymmetry being due to a faulty temperature sensor, the FSE sequence was run for a second time at 3T with the temperature sensors for each electrode interchanged; ∆T at each of the electrodes was unchanged from the original configuration.
Figures 2c, 2d, 2g & 2h, show ∆T at the IPG case and the central reference. There was no measurable temperature rise at either of these locations during any experiment.
Voltage
Figure 3 shows voltage measured between one active IPG output connection and the IPG case during the EPI acquisition at 1.5T. Three distinct signal components were seen: the IPG pulses, aliased high frequency signals arising from the MRI RF pulses and low frequency voltages due to the switched imaging gradients. The 60µs width stimulator pulses contained only 1-2 points at the oscilloscope sampling rate (40µs per point) and the output pulse amplitudes for a nominal 3V setting were 2.4V; this amplitude reduction was found to occur only when the IPG case contacted the phantom gel, and is likely due to the reduced total load impedance provided by the return current path through the gel in parallel with the lowimpedance voltage probes. Radio frequency signals corresponding to the fat-suppression and slice-selective 90 o pulses of the EPI MRI sequence were seen with peak-to-peak (pk-pk) levels of close to 5V, and, subsequent to these, smaller (<1.2V) spikes associated with the EPI read and phase gradient switching.
Similar results were obtained at 3T (figure 4a), with 9V pk-pk RF pulses which were higher than, and gradient-switching induced voltages (less than 0.5V) which were less than those 9 seen at 1.5T (c.f. figures 3a and 4a), despite the higher gradient strengths and slew rate of the 3T system.
To assess the proportion of the observed signals that were contributed by voltages induced in the measurement circuit leads, as opposed to the DBS circuit in isolation, a null experiment was performed at 1.5T in which the balanced probe was shorted by connecting both contacts to the IPG case. No IPG, but both RF and gradient-switching signals were seen. The RF pulse amplitude was approximately 25% of that in figure 3 , suggesting that the majority of the RF field signal was induced in the DBS circuit rather than in the test leads. In contrast, the gradient-switching spikes were similar in amplitude to those in figure 3, suggesting that nearly all of these signals were induced in the section of the circuit associated with the test leads, rather than the DBS circuit itself.
In the majority of our recordings, the IPG maintained a continuous pulsed output with constant period and magnitude, the pulse amplitudes obtained being the sum of the original IPG pulse and the MRI-induced signals. However, on both MRI systems, disturbances to the period of the DBS pulses were occasionally (less than 1 in 10 recordings) observed (figures 3b and 4b): subsequent to the MRI RF pulses, and during the rapid read-out gradient switching, a single extended period between IPG pulses was seen, after which the pulse train continued at the original frequency. This extended period was always approximately 50% longer than the normal duration.
Induced voltages of similar magnitudes were obtained at both field strengths for the other MRI sequences tested. The maximum induced voltages observed at either field strength during any sequence were less than 20V. 
Discussion
Safety of active DBS during fMRI
Guidelines
Temperature
The overall rate of dissipation of heat from the gel phantom relies on the difference in its temperature from that of the surroundings making it necessary to achieve thermal equilibrium prior to measurements. Our particular concern was to detect local heating concentrated around the electrodes where the principle mechanism for heat dissipation is thermal conduction and convection within the phantom gel itself. The thermal and electrical properties of the gel at room temperature simulate those of human tissue at 37ºC (Park et al 2003 We investigated heating due to both typical fMRI protocols and a high SAR FSE sequence prescribed with the deliberate intention of generating sufficient heating for accurate determination of the effects of IPG settings upon ∆T. On the 1.5T system this high SAR sequence produced a maximum ∆T of 1.4ºC, whereas for the fMRI sequences (localiser, 3D
IR-SPGR and GE-EPI) ∆T remained below the measurement sensitivity of our thermometry system (0.1ºC) implying a factor of 10 safety margin for compliance with the safety guidelines. At 3T, the high-SAR FSE sequence produced a maximum ∆T of 2.2ºC; for the other acquisitions the maximum ∆T, i.e. 0.5ºC for the 3D IR-SPGR sequence, lay comfortably within the permissible range, implying a factor of 2 safety margin for compliance with the safety guidelines. It should be noted that while these factors indicate a relative level of safety between similar protocols at 1.5T and 3T they should not be used directly to infer safety in a patient study.
Temperature elevations for comparable MRI pulse sequences were higher for the 3T system, where SAR values reported by the scanner software were also higher than at 1.5T, consistent with the known field-dependence of RF power deposition. Although it is expected that interactions between the DBS circuit and the RF field should be frequency, and therefore field strength dependent, this does not imply that the risk of thermal injury increases with increasing field strength per se. It should be noted that the software-reported SAR values 11 from the particular systems used were independent of RF calibrations obtained during prescanning. This avoided any inaccuracy due to inter-scan re-calibration e.g. between different DBS settings. However this complication should be considered when performing experiments or patient studies on other systems where reported SAR values may be influenced by recalibration. Importantly, the algorithms used to estimate SAR may differ between MRI systems, even those from the same manufacturer , making relative predictions of tissue heating based on SAR values uncertain.
Changing the IPG settings between inactive, active unilateral and active bilateral stimulation (experiments1-3) made no detectable difference to ∆T for any of the MRI sequences on either MRI system, indicating that periods of active stimulation during MRI provide no additional safety risks with respect to tissue heating.
For both MRI systems, where a significant ∆T was detected, the difference in ∆T obtained between the bilateral electrode contacts was large; the LHS electrode temperature increased approximately 4 times more than that of the RHS electrode. An asymmetry in ∆T for RHS and LHS electrodes has been reported previously , Bhidayasiri 2005 and is likely to reflect the asymmetry in the DBS circuit with respect to the scanner RF field orientation. Significantly different local conditions at the tips of the RHS and LHS are unlikely because the gel was highly uniform and our observations were reproducible despite effective remixing of the gel around the electrodes as the temperature probe was repositioned.
Our observations with regard to temperature for active DBS during MRI performed at 1.5T
with a transmit/receive head coil are consistent with previous studies performed at this field strength with the IPG inactive (Finelli 2002 , Rezai 2002 . Those authors concluded that, with appropriate precautions, MRI was safe in patients with implanted DBS systems. Our results both confirm this, and suggest that active DBS does not add any significant risk due to RF heating. This may be important in clinical practice, where it may be advantageous to patients to maintain their stimulation regime during clinically indicated MRI examinations, in contrast to the current practice of setting the IPG output to OFF and 0V prior to MRI.
A recent study (Phillips 2006 ) also addressed the safety of fMRI with active DBS at 3T, notable differences from the present work being the use of an MRI system from a different manufacturer with presumably different RF coil geometry and SAR calculation method, and an externalised IPG located remotely from the MRI magnet. These authors reported a similar temperature rise to that reported herein for a 3D magnetization-prepared gradient-echo sequence, and a mean temperature rise of 0.6 0 C for a gradient-echo fMRI EPI sequence 12 (SAR 0.6W/Kg). In contradistinction to our results, the maximal temperature increase of 1.36 0 C was apparently dependent upon the presence or absence of stimulation. The disparity with our results may be attributed to the presence of the extended IPG extension lead in their case. While the temperature rises reported were considered acceptable from the point of view of safety, we have shown that using a transmit/receive head coil and a fully implanted DBS system produces smaller ∆T at the electrode contacts independent of stimulator activity for a similar fMRI EPI pulse sequence at 3T.
Voltage
A system was devised to provide reliable measurement of voltages in the DBS circuit in the presence of the MRI electromagnetic fields. Both RF and low frequency gradient-switching related signals were observed. Voltages with frequency greater than 100kHz are not expected to produce direct neuronal stimulation (ICNIRP 2003) and therefore the principle hazard due to induced RF pulses is tissue heating as already addressed above. As regards the lower frequency components due to gradient-switching these were less than 0.5V and 1.2V for the 3T and 1.5T systems respectively, and our "null" measurement at 1.5T
suggested that vast majority of this signal was induced in the voltage measurement leads rather than the DBS circuit itself. This is consistent with the lower voltages observed at 3T
(despite the stronger, faster gradient performance), since the smaller active volume of the 3T
head-gradient set resulted in less magnetic flux density linked with the voltage measurement circuit compared to the 1.5T whole-body gradient coils. We conclude that any voltages induced in the DBS circuit by gradient-switching are of a level insufficient to cause neuronal damage since the product of pulse width and voltage, and therefore charge density, was small compared to that of the DBS stimulation pulses already known to be safe.
Other safety considerations
We did not find significant effects upon RF heating due to the presence or absence of active stimulation for our simulation of the specific geometric arrangement DBS equipment typical of that employed clinically at our institution. It is possible that a different configuration of the leads and electrodes might produce a different result but this would seem unlikely since, despite the lack of dependence upon IPG function observed, significant RF heating and induced voltage amplitudes were elicited in our experiments.
Of necessity this study was limited to an investigation of pulse-sequences and scan prescriptions typical of those used in fMRI studies, i.e. predominantly axial-plane oriented images. Changes in scan orientation (keeping the number of slices and echoes, and therefore RF pulse timing, constant) are unlikely to affect temperature changes significantly 13 since the RF-field and resulting SAR distribution remain unchanged. However, resultant The IPG model employed has been previously shown safe with regard to torque and magnetic displacement force at both 1.5 and 3T . We did not investigate 'fault' conditions such as hazards due to fractured lead connections (Georgi 2004). The DBS stimulator was checked for normal operation using the Medtronic Programmer before and after all measurements. Such checks before any MRI study are prudent to eliminate the possibility of potentially hazardous faults in the DBS circuit. The IPG was exposed to static, RF and switched-gradient magnetic fields over long periods in our experiments without damage or the occurrence of reprogramming.
14 Active DBS and fMRI: potential confounds
IPG Function
For a proper fMRI study of the neurofunctional mechanisms and correlates of DBS it must be established that the IPG functions exactly as required during the MRI acquisitions. As in a previous report (Tronnier 1999) , in our study the IPG maintained a continuous pulsed output during all MRI sequences and, was never seen to automatically switch off. However, spontaneous IPG switching off/on during MRI has been observed (Georgi 2004), and we did notice such effects in pilot experiments using an IPG with a partially exhausted battery (less than 50% full charge). In the majority of our measurements on both scanners during EPI the IPG pulse output was identical to that obtained with the scanner inactive, apart from superposition of the induced voltages described. Less than 10% of our measurements demonstrated stretching by 50% of a single inter-pulse interval shortly after a 90 o RF pulse, after which pulsing continued with the correct inter-pulse duration. The pulse amplitudes remained unchanged. In a typical fMRI acquisition, since the repetition frequency of the RF pulses is approximately 1/10 th of the stimulator pulse frequency, our results suggest that only 1 in 100 stimulator pulses could be affected. Such perturbations of the stimulator output have not been reported previously, although they are unlikely to impact significantly upon the efficacy or mechanisms of DBS and hence compromise an fMRI study. We recommend that the IPG battery level be checked prior to an fMRI study, and measurements only proceed provided that a battery level greater than 50% of maximum is available.
RF Heating
As already noted, local externally induced increases in tissue temperature may confound, or at least complicate the interpretation of fMRI with DBS, the ramifications being more severe if the degree of heating depends upon the presence or absence of active stimulation. With our experimental arrangement we observed no dependence of ∆T upon the presence or absence of stimulation pulses at either field strength. However, such a dependence was recently reported in a different setup (Phillips 2006) and, in addition to the complications already discussed, implies a concomitant difference in the RF field distribution between the 2 conditions with an associated effect upon MRI image intensity. While it is not clear whether the observation of Philips et al. was a measurement artefact or a real effect, it is clearly prudent to as far as possible eliminate local tissue temperature changes by suitable experimental design. We have shown that this should be possible at both 1.5T and 3T when subjects with fully implanted DBS systems are studied with a head RF transmit coil. The absence of a measurable temperature change at 1.5T should eliminate any additional temperature-driven perfusion changes, making DBS-fMRI more straight-forward at this field strength.
Induced Voltages
The induced RF pulses observed were at frequencies (approximately 64MHz and 128Mhz at 1.5T and 3T respectively) considered too high to produce direct neuronal stimulation. We concluded, in agreement with a previous author (Georgi 2004) , that any lower frequency signals induced in the DBS circuit independent of the voltage measurement apparatus during MRI were of a very low level: below the threshold required for neurostimulation effects.
Therefore voltages induced in an implanted DBS system during fMRI are unlikely to present any additional experimental confounds.
Conclusions
Our results suggest that fMRI protocols which include localiser, 3D gradient-echo structural and EPI functional acquisitions can be safely performed in subjects with subcutaneously implanted DBS electrodes, leads and IPG units, with or without active stimulation at both 1.5
and 3T. No RF-induced heating was detected with these sequences in our 1.5T scanner and temperature elevations at 3T lay within safe limits. No damage to or reprogramming of the IPG occurred and only minor, physiologically insignificant perturbations in IPG performance were observed.
Confounds to fMRI experiments due to DBS are unlikely at 1.5T, since no temperature increases during EPI were detected in our arrangement with or without active stimulation, while at 3T the small temperature change observed was independent of stimulator activity.
Low frequency voltages induced in the DBS circuit during MRI were in all cases below the thresholds for direct neuronal stimulation.
Heating exceeding safety guidelines was produced using the high SAR FSE sequence. Such sequences, used here for experimental purposes, should not be used in patient studies.
While we believe the physical arrangement tested is typical of that likely in fMRI of subjects undergoing DBS, any change in the geometric relationship between the DBS system components and the scanner RF and gradient coils may influence both RF heating and induced voltages and therefore IPG function. Experimenters should be aware that such changes may arise as a result of variations in the positioning of the DBS electrodes and leads between individual patients, or unavoidable deviations from a standard supine patient 16 position relative to the scanner bore which may be necessary for instance for PD patients with cyphosis.
Any alteration in surgical procedure (e.g. different lead geometry), or changes in the exact position of the subject within the scanner may modify the results, and substantially different arrangements would require specific safety investigations. Adjustments to the experimental protocol such as a longer duration or increasing the number of slices could modify the temperature change. In any case, it is prudent to allow a sufficient safety margin that interpatient variability in DBS system configuration, scanning geometry and coil loading cannot elicit temperature changes that exceed the guidelines. To maximise the safety margin, we recommend adherence to strict SAR limits, the use of head RF transmit coils and performing studies at a field strength of 1.5T.
While these conclusions are encouraging, it must be noted that they apply only to the specific MRI systems, RF transmit coils, pulse sequences, RF waveforms, DBS equipment and experimental arrangement employed herein. In particular, the use of a whole-body RF transmit coil may be significantly more dangerous , Georgi 2004 ). The important necessity to generalise these results for application to other pulse-sequences, scanner models and MRI system manufacturers will require further experiments. A local safety assessment and strict adherence to a fixed experimental protocol are essential if MRI is to be performed safely in subjects with implants such as those required for DBS. 
